Stents are artificial implants that provide scaffolding to a cavity inside the body. This paper presents a new luminal device for reducing the mechanical failure of stents due to recoil, which is one of the most important issues in stenting. This device, which we call a recoil-resilient ring (RRR), is utilized standalone or potentially integrated with existing stents to address the problem of recoil. The proposed structure aims to minimize the need for high-pressure overexpansion that can induce intra-luminal trauma and excess growth of vascular tissue causing later restenosis. The RRR is an overlapped open ring with asymmetrical sawtooth structures that are intermeshed. These teeth can slide on top of each other, while the ring is radially expanded, but interlock step-by-step so as to keep the final expanded state against compressional forces that normally cause recoil. The RRRs thus deliver balloon expandability and, when integrated with a stent, bring both radial rigidity and longitudinal flexibility to the stent. The design of the RRR is investigated through finite element analysis (FEA), and then the devices are fabricated using micro-electro-discharge machining of 200-μm-thick Nitinol sheet. The standalone RRR is balloon expandable in vitro by 5-7 Atm in pressure, which is well within the recommended in vivo pressure ranges for stenting procedures. FEA compression tests indicate 13 × less reduction of the cross-sectional area of the RRR compared with a typical stainless steel stent. These results also show perfect elastic recovery of the RRR after removal of the pressure compared to the remaining plastic deformations of the stainless steel stent. On the other hand, experimental loading tests show that the fabricated RRRs have 2.8 × radial stiffness compared to a two-column section of a commercial stent while exhibiting comparable elastic recovery. Furthermore, testing of in vitro expansion in a mock artery tube shows around 2.9% recoil, approximately 5-11 × smaller than the recoil reported for commercial stents. These experimental results demonstrate the effectiveness of the device design for the targeted luminal support and stenting applications.
Introduction
After the introduction of interventional cardiology in 1977, this discipline has been primarily driven forward by advances in stents since 1990 [1] . Stents are mechanical implants that 4 Authors to whom any correspondence should be addressed.
provide chronic support against the lumen walls of their deployment site [2] . Further to their major use in the coronary artery disease [2] , they are also widely used in ducts and lumens from other parts of the body [3] [4] [5] .
There are over 100 different stent designs in the market today, though they can be categorized into general groups by their intended deployment area and manufacturing process. The general manufacturing process can be classified based on the (i) materials used, (ii) the primary form in which the materials come such as tubes, sheets or wires, (iii) the fabrication method including but not limited to laser machining, wire knitting and braiding or micro-electrical discharge machining (μEDM), (iv) geometry of the structures including majorly coils and slotted-tubes, and (v) some additional coating steps to address radiopacity and drug delivery [6] .
Balloon-expandable (BE) stents are made out of plastically deformable materials. After expansion the stent retains its shape, though will lose some of its cross-sectional area (CSA) through recoil due to the elastic portion of the deformation [6, 7] . Elastic recoil is defined as the change in the mean CSA of a stent just before deflation of the angioplasty balloon at its highest pressure and after deflation and retraction of the balloon [8] . The ideal material and structures for BE stents should have a low yield stress to allow the stent to transform into its required shape, as well as high elastic modulus for minimal recoil [6, 9] . Clearly these two requirements are somewhat contradictory resulting in a challenge in stent design.
Despite the widespread use of high-pressure coronary stents in today's vascular interventions, these implants usually fail to achieve 60% to 80% of their expanding balloon nominal CSA [7] . In ideal situations with compliant lumens, with no signs of atherosclerosis, recoil has been reported to be the predominant mechanism causing failure of stents to achieve their nominal CSA [7] . The magnitude of recoil in stents is highly dependent on the design of the stent and ranges from 30% in coil stents to 16% in slotted-tube stents [7] increasing the risk of in-stent restenosis [10, 11] . As of today, restenosis also known as re-narrowing of the treated vessels is the most important post-intervention complication that limits the effectiveness of stenting; it has been reported to occur at rates up to 60% [10] .
To improve stenting, several approaches have been adopted since the introduction of bare metal stents, including but not limited to drug eluting stents [12] [13] [14] [15] [16] , self-expanding stents (SE) [17] and overexpansion techniques [7] ; however, each tends to lead to different complications.
A meta-analysis concluded that drug eluting stents were associated with a greater mortality rate compared to that of bare metal stents due to late stent thrombosis [18] . BE stents are delivered in a crimped state and then morphed to a required dilated state. In order to compensate for the elastic recoil, cardiologists are usually required to overexpand the stent. This overexpansion may lead to complications such as early proliferation of endothelial cells around the distal points [19] , as those points are the first to open in a typical angioplasty balloon expansion and thus apply more pressure to the arterial walls. Furthermore, it has been clinically shown that restenosis is in direct relation with the degree of injury inflicted upon the artery walls by the anatomic depth to which the stent strut penetrates the vessel wall thereby inducing trauma [11, 13] . Induced trauma and the resultant restenosis are also highly influenced by the stent design itself [20] .
SE stents rely on the super-elasticity of materials such as austenite nickel-titanium alloys (Nitinol). These stents are mostly delivered in a constrained state to the deployment site, and then released for expansion [17] . They are fabricated to a diameter slightly larger than that of the target site and upon their delivery and expansion, they exert a low 'chronic' outward force against the vessel walls as the body temperature is beyond their transformation temperature (typically ∼30 • C) [17, 21] . Although these stents could be custom-manufactured for a wide range of arteries, it is still difficult to tailor them to each individual patient's diseased artery specifications subject to different patterns of hardening and constriction. Furthermore, the use of these devices also can cause some level of overexpansion and injury to the treated arteries.
Considering the limitations and requirements outlined above, there are gaps to cover in order to improve the recoil-related complications by targeting the design step of stent manufacturing. A new structure may be introduced to withstand large radial forces from both elastic recoil of the lumen and the stent itself while not sacrificing flexibility. Due to the availability of a vast number of state-of-the art designs, however, it is even more important to be able to harness the proven benefits of previously devised designs, while addressing their shortcomings with minimal introduction of new manufacturing or stent delivery techniques.
To address these, in this work we introduce recoilresilient lumen supports we call recoil-resilient rings (RRR) as seen in figure 1(a) . The RRRs are micro-fabricated from biocompatible alloy sheets to be used in their martensitic state 5 while inside the body. The design of the RRR is arranged to enable the integration of an array of the device with a vast range of today's state-of-the-art stents as an add-on to provide radial resilience. This design preserves longitudinal flexibility of stents while minimally affecting their production and deployment procedure.
In this study, the RRR devices are fabricated with Nitinol, a nickel-titanium shape-memory alloy (SMA) that has been adopted widely in today's medical implants and devices [23, 24] including SE stents [17, 21] . In this work, Nitinol is used in its martensitic state so that the device can be easily expanded by a balloon. Though widely used for SE stents, Nitinol alloy is also used in its martensitic form for construction of BE stents [6] . That is due to its high biocompatibility, corrosion resistance, radiopacity and comparable physical strength properties with regard to stainless steel, tantalum, platinum and cobalt alloys usually used in stent fabrication [6] . It is important to note that the choice of the material for this work is not because of its shape memory effect, but rather the in vivo benefits and flexibility in the martensitic state. Moreover, this brings potential for other possible expansion methods such as application of heat or electric current as well as remote actuation [25] [26] [27] . These possibilities are beyond the scope of this work. Over the years, the demand toward production of non-traditional microstructures using μEDM has increased [28] [29] [30] . This method is used to produce microparts with sizes ranging from a few micrometers to several 100 μm. μEDM is a thermal process that can be used to cut electrically conductive materials utilizing intense heat provided by highfrequency pulses of miniaturized electrical discharge, enabling high precision and burr-free micromachining in any metal or alloy [28, 31] . The material biocompatibility of the machined pieces are not impaired by the μEDM thermal treatment [32] . Due to these benefits, μEDM has gained popularity in biocompatible micro-devices such as stents [6, 33, 34] . In this work, we exploited these features of μEDM to fabricate the proposed RRRs.
The rest of the paper is organized as follows. The design and modeling of RRR is discussed in section 2. The fabrication methodology, including shaping and heat treatment stages, are described in section 3. In section 4, the experimental results of the mechanical evaluation of the fabricated structure in comparison with a commercial stent are given, which is followed by the conclusion.
Design and modeling
The fabrication approach selected was μEDM of a Nitinol sheet, with 200 μm thickness, to produce a strip of the material that is to be shaped into the RRR. The RRR is an open overlapped ring. The two overlapping ends have a number of asymmetrical sawtooth structures facilitating sliding on top of each other in one direction when the RRR is opening. Upon contracting forces the teeth interlock so they keep the final expanded state. The design challenges are to develop a layout describable in a planar fashion that can be readily patterned using Nitinol sheets and a standard μEDM process, and then shape it according to the required description such that it resembles a ring for later crimping and deployment. It is also crucial to achieve various key mechanical characteristics including high radial stiffness for recoil resilience and lowpressure expandability that eliminates the need for highpressure balloon expansion or over-expansions compensating for elastic recoil of BE stents.
Prior to any fabrication steps, we first study the effect of balloon expansion on a simplified model of the RRR device in a structural finite element analysis (FEA). Moreover, to investigate the effect of the proposed structures on the fluid regime, distribution of low wall shear stress as a predictor of later restenosis [35, 36] is studied in a computational fluid dynamic (CFD) analysis. These analyses provide a good framework for comparison of the performance of the proposed structure with a nominal current stent structure [22] .
Structural analysis

Materials and methods.
To simulate the expansion mechanics, the simplified design of the RRR with a short section of an elastic tube representing the angioplasty balloon, as shown in figure 2 , is studied in a free expansion model [37] disregarding the lumen wherein the RRR is expanded as a stand-alone luminal support. The simulation is conducted by ANSYS finite element package (ANSYS Inc., Canonsburg, PA, USA) using a three-dimensional (3D) solid mechanics model with an explicit solver. To develop the model, the ring and balloon assembly were first developed in SolidWorks (SolidWorks Corp, Velizy, France) and then imported into ANSYS. In order to decrease the complexity of the model and for better convergence using the explicit solver, only two teeth of the ring are modeled in this study. The detailed dimensional values of the model assembly are shown in figures 2(a) and (b). The width of the RRR in the Z direction is 200 μm (thickness of Nitinol sheet used for fabrication of RRR) whereas the balloon width is 0.5 mm with a thickness of 50 μm. The balloon is deployed inside the RRR so that it protrudes by 0.15 mm from the two sides of the RRR parallel to the X-Y plane. For the simplified RRR, the material properties of Nitinol in the martensite state were chosen from the Nitinol sheet manufacturer (Memry Corp., Germany) in a bilinear elastoplastic material model summarized in table 1 in comparison with stainless steel 316L used for fabrication of typical BE stents [38, 39] . This table also presents the geometrical properties of the RRR model and a nominal BE stent [22] . The von-Mises yield criterion and bilinear isotropic hardening rules are adopted here.
Simulating a tri-folded real angioplasty balloon calls for very high computational power, while also causing convergence problems. This is due to the need for a very refined mesh of the balloon and the introduction of self-contact in the balloon. To avoid these complexities, without sacrificing the deformation results, a simple elastic tube model is adopted.
The presence of this tube is accounted for the time-varying exposure of surfaces of the RRR to pressure during expansion. The material properties of the balloon are assumed to be linear isotropic as follows: density 0.95 g cc
, modulus of elasticity 11 MPa and Poisson's ratio 0.42. Frictional forces between ring faces and the balloon are neglected for simplicity of the first-order calculations.
A ramped pressure of 150 KPa is applied to the inner walls of the balloon over 10 msec. These pressure levels are well below the typical inflation pressures of angioplasty balloons. The mean inner and outer diameters of the ring before expansion were 2.9 and 3.3 mm, respectively, and only a limited range of expansion is studied here. Both the balloon and the RRR are free to move radially (in the X-Y direction) while being constricted axially (fixed in the Z direction). This is to restrain the teeth going off-plane with respect to each other. Figure 3 (a) presents the mean inner diameter of the RRR as a result of the balloon pressure during expansion. Figure 2 (b) shows the von-Mises stress distribution plots around the teeth during tooth traversal. As indicated by figure 3(a), tooth traversal starts at around 90 KPa (point A) and finishes at 100 KPa (point B) followed by a smooth increase in the diameter of the RRR over time leading to a final mean inner and outer diameters of 3.6 and 3.84 mm, respectively. Furthermore, this figure presents the max vonMises stress developed in the RRR over time during the expansion process. Figure 3 (b) shows stress distribution plots over the deformed body of the RRR at the end of the expansion process. As demonstrated, the final status of the ring indicates the maximum stress levels lying well below the tensile strength of Nitinol (table 1) .
Results.
In figure 3(a) , the peak stress marked by point C, followed by a decrease in the stress levels, indicates occurrence of permanent plastic deformations in the RRR structure. To ensure safe interlock operation and ruling out excessive disfigurements of the teeth during expansion, plastic strains of these areas are studied more closely. For this reason, the histogram of the distribution of equivalent plastic deformation of the elements of the teeth is presented in figure 4(a). As shown, about 85% of the elements in the teeth have less than 4% strain rate and this is despite more concentration of smaller elements at the tip of the teeth and the concentration of elements with higher strain rates at the tip area as shown in figure 4(b). Considering the very small average strain rate of 3% for the teeth elements, it is evident that the plastic deformations would have minimal effect on the overall structural integrity of the sawtooth structures. This statement is further confirmed by the deformed equivalent plastic strain plots of one of the teeth after completion of tooth traversal shown in figure 4(b). Radial stiffness of luminal support is one of the most important measures of their performance after deployment [6] . In this section, a comparative analysis on the radial stiffness of the proposed RRR and a two-column typical BE stent (table 1) , subject to a circumferential compressive pressure is conducted. The expanded geometries of both the BE stent ( figure 5(b) ) and the RRR (figure 6(b)) with mean inner diameters of 4 mm are first imported into a 3D static structural analysis. Next, a uniform compressive pressure of 135 KPa is applied to the outer surfaces of the geometries increased linearly over the first solution time step. In the second step, the pressure is linearly decreased to 0 KPa as shown in figure 5(a) . Each one of the solution time steps is solved by a series of 100 sub-steps.
As the results in figure 5(a) show, the mean inner diameter of BE stent reduces linearly down to about 3.7 mm while the pressure is increasing. This trend is followed by a relatively much faster reduction in the diameter despite the linear increase of the pressure, which is an indication of plastic deformations. At pressure 135 KPa, about 44% of the CSA of the stent is lost due to the compression. By complete removal of the pressure, as noted by point A in figure 5(a), the stent still would not recover to its initial expanded state leading to about 34% loss of the initial CSA. Figure 5(b) shows the remaining plastic deformation plot of the stent after removal of the compression pressure at time step 2.
As presented in figure 6 (a), subject to the same pressure profile, the RRR exhibits much less radial loss. At pressure 135 KPa, the RRR has lost only 0.07 mm of the initial diameter leading to about 3.4% reduction in CSA that is about 13 × less than that of the BE stent. The lost diameter is all recovered after removal of the pressure leading to no loss of cross-sectional area. This is also confirmed by the max von-Mises stress trend presented over time in figure 6(a) . As indicated by figures 6(a) and (b), the stress levels over the loading and unloading periods are well below the yielding stress levels of the martensite Nitinol (table 1) ensuring the RRR withholding its structural and radial integrity under compressive loads such as the ones by lumens. The modeling results in this section are limited as the interactions between the simplified models of the RRR and the BE stent, and the surrounding lumen were not modeled. Nevertheless, these results are complimented by the experimental in vitro results in the next section by the inclusion of the effect of a silicon-based mock artery.
CFD analysis of the fluid flow
As mentioned before, stent design is shown to be one of the potentially critical factors affecting restenosis that is tissue regrowth after stent deployments [40] . A direct relationship between the alterations of hemodynamics, thereby changes in the wall shear stress distribution in the arteries postdeployment, and later restenosis has been established [41, 42] . In [35, 36] a strong relation between low wall shear stress (LWSS), less than 0.5 Pa, and neo-intimal hyperplasia and the resultant restenosis has been suggested. On the other hand, elevated shear stress (more than 1.5 Pa) is considered to be more beneficial and anti-proliferative of intimal cells [41] [42] [43] . This conclusion, led to a number of studies investigating the effect of different stent designs on the distribution of LWSS using CFD [44] [45] [46] [47] [48] [49] .
Material and methods.
In this section, a comparison of the amount of areas subject to LWSS in the deployment area of three different supports is presented. The three supports deployed inside arteries with an inner diameter of 4 mm are as follows: (a) stand-alone RRR, (b) a nominal BE stent [22] , (c) integrated RRR & BE stent. These configurations are shown in figure 7 . The first two supports are expanded so that they provide an average inner diameter of 4 mm, which is identical to the natural diameter of the healthy artery. For the integrated RRR & BE stent as shown in figure 7(d) , the BE stent mesh is expanded so it would provide an average inner diameter of 4 mm yet not considering the presence of the RRR. This is to study the effect of integration of RRR on the LWSS distributions without extra expansion of the lumen that would account for the presences of the RRR. Geometrical properties of the RRR and the BE stent are given in table 1.
The blood flow is considered to be steady, laminar and incompressible governed by the relations of conservation of momentum and mass [44] . These relations are solved by the commercial CFD package COMSOL (COMSOL Inc., Los Angeles CA, USA). The density of blood is considered to be ρ = 1060 kg m . Non-Newtonian characteristics of the blood are considered by employment of Carreau model [44, 47] . Using this model, the shear-dependent dynamic viscosity of blood μ is expressed by
where μ 0 = 0.25 kg ms −1 and μ ∞ = 0.0035 are the viscosities at zero and infinity shear rate, respectively, while (a) (c) (b) Figure 9 . LWSS distribution at average inlet velocity at, (a) stand-alone RRR deployment area, (b) BE stent deployment area and (c) integrated RRR & BE stent deployment area. λ = 25.00 s and n = 0.25 are material-dependent constants [44] . Simulations are performed for a full cardiac cycle [45] evaluated at 14 sampling points as shown in figure 8(a) . Flow velocities are applied to the inlet while a zero-gauge pressure boundary condition is specified for the outlet. Fluid domain before and after the deployment areas were extended to result in a fully developed flow before entering the deployment domain. Moreover, a no-slip condition is defined on the walls, making all velocity components zero. The fluid domain is considered as rigid, which is a reasonable assumption for the stented arteries.
To ensure mesh independence, mesh at each 3D model was refined in multiple steps till changes in the results meet the mark of less than 3% change from one refinement level to the next. This resulted in the average element number of around 800 000 for each model including the free tetrahedral and quad boundary layer elements.
Results.
Wall shear stress is determined by multiplying the shear rate and viscosity after completion of the solution. Figure 8 (b) presents the ratio of luminal wall areas subject to LWSS (that is <0.5 Pa) to the total luminal wall area at the deployment area of the supports. As shown by figures 8(b) and 9, the stand-alone RRR support exhibits the least ratio of areas subject to LWSS at the deployment area compared to those of BE stent and integrated RRR & BE stent configurations. Moreover, the RRR & BE stent configuration shows a very similar LWSS distribution behavior to that of a single BE stent implicating minimal impact of the addition of RRR to a BE stent structure. In addition to the compression test results from the previous section, these results clearly show the merit of the RRR both as a stand-alone support and as an add-on to current BE stents.
Fabrication
As discussed earlier, the RRR devices are fabricated from Nitinol sheets with a thickness of 200 μm using a commercial μEDM system (EM203, Smaltec International, IL, USA). Although by the use of a rotational axis available in μEDM, it is possible to realize 3D designs such as the proposed final structure in figure 1(a) , to reduce the likelihood of geometrical errors and follow the policy of minimal technology complexity, we feed a planar structure to the μEDM. The machined piece can later be transformed into the desired final structure with a number of repeatable steps. By decreasing the time of machining, less potential sources of error (X, Y and Z axis movements versus X, Y, Z and angular movements) and less material waste, this process makes mass bulk machining of RRRs realizable using sheet materials. 
Machining
The μEDM patterning is conducted in oil with the conventional scanning method using cylindrical tungsten electrodes of approximately 150 μm thick in diameter. The scanning sequence is programmed to create the planar structure discussed earlier. Figure 10 shows the two ends of the 15 mm long planar structure of the device. Four up-right sliding teeth are arranged on one end of the strip, called the slide end, while at the other end, called the support end, there are seven facing down. Due to the relatively large structure to be patterned, the process used the largest level of discharge energy available with the system. The time required to machine one RRR using machining conditions of voltage level = 100 V, capacitance = 3.3 nF, tool rotation speed = 3000 rpm and feed rate = 10 mm min −1 is approximately 12 h. This is quite slow due to the use of single tip electrode, but the planar fabrication allows potential use of batch-mode μEDM [50] in the future to enable volume production of the device so drastically decreasing fabrication time per RRR structure.
Shaping
To shape the planar strip to a ring structure, the setup in figure 11 (a) is prepared and used. It is comprised of a stainless steel base on top of which a 4 mm thick, 4 cm long stainless steel rod is fixed. The strip is wound around the bottom of the rod where it meets the plane of the base ( figure 11(b) ). This is to ensure winding within the plane and to eliminate chances of torsional deformation within the structure during thermal training. The ring was fixed to the rod by an adhesive, yet to provide constant mechanical support in high treatment temperatures (around 500
• C), a stainless steel cap is used to encompass and fix the ring in its position.
The final structure after thermal treatment is demonstrated in figure 12(a) showing the ring in its fully dilated state with a mean inner diameter of 4 mm. The teeth A and B from the slid end will be removed from a final design resulting in a design resembling that of figure 1(a) . This is to provide a smooth surface at the circumference of the RRR, where it contacts the inner walls of the lumen at the expanded state when the RRR is used as a stand-alone support. In this state, all the teeth from the support end will be facing inwards, and the teeth from the slide end are covered by the support end. For the prototype design at this stage, these teeth are included to compensate for the loss of any of the teeth due to possible fabrication defects. Integration of the RRR with a hosting stent is realizable via a single welding point to the stent mesh, figures 1(b) and 12(b) . This is to provide enough support to stop migration of the RRR inside the stent while keeping the contact profile between the stent and the lumen intact.
Upon exertion of compressive forces on the circumference of the RRR, such as the condition within a vessel, at least two of the teeth, one from the slide end and the other from the support end, interlock and provide a strong scaffold to withstand the forces preventing recoil as described in the previous section. On the other hand, from a crimped state, upon balloon inflation the teeth can slide over each other facilitating the expansion of the ring.
Surface profile
The surface roughness of the shaped unpolished RRR in figure 12 is measured by an optical profiler (Wyko NT9100, Veeco) and compared with that of an unpolished BE stent laser cut from stainless steel 316L (Evasc Medical Systems Co., BC, Canada). Surface roughness of the RRR is measured for one cut face, where the machining is performed, and one base face that is the surface of the Nitinol sheet used for fabrication ( figure 12 ). The measurements for the unpolished stent are performed on a base face. Table 2 presents the measurement parameters and the roughness measurements of these surfaces. As indicated by the average roughness measure (Ra), both the cut surface and the base surface exhibit similar roughness. Moreover, these values correspond with those of the unpolished BE stent. Figure 13 shows the 3D surface profile of parts of the cut and the base surface areas of the RRR.
In order to decrease the sharp edges for better hydrophility and improving bio-and hemocompatiblity, further passivation steps such as electrochemical or mechanical polishing could be taken into account before clinical in vivo trials. These methods are currently used with current state-of-the-art alloy stents to reduce thrombogenicity while not compromising their structural integrity [17] .
RRR patency
In order to evaluate the patency of the RRR in a dilated state, a comparison between the cross-sectional impact of the RRR and a typical commercial stent (TAXUS Liberte Coronary Stent, Boston Scientific, Boston, USA) is drawn in the following.
The average effective diameter of a scaffold (RRR or the commercial stent), D eff , is expressed by
where D exp is the mean outer diameter in the expanded state, and D lost is the average diameter lost due to the strut thickness (T s ). Given this relation, the patency gain as a measure of the efficiency of the device to accommodate fluid flow can be defined as follows:
where A C is the average cross-sectional area patent to fluid flow, and A T is the mean cross-sectional area of the implanted supporting structure. According to the measurements conducted in the next section, the average truss height of the commercial stent loop is 107 μm, which is in correspondence with the average strut thickness of 0.1 mm available in the literature [38] which results in a patency gain of G p = 90.603%. For the RRR, given it retains a fully or nearly fully dilated state after deployment, a higher limit on the average strut thickness can be calculated as
where T s,flat = 0.065 mm is the thickness of the fabricated RRR strip where it does not have any teeth (figure 10), n = 9 is the total number of teeth in a final structure, t h = 0.1 mm is the height of a tooth, t l = 0.1 mm is the length of a tooth and O l is the overlapping length of the two ends of the ring (∼0.54 mm). Substitution into relations (4), then (2) and (3) results in the patency gain G p = 93.67% that shows a 3.3% improvement over the commercial stent.
Experimental results
As mentioned in the previous section, two of the most important and competing trade-offs of an effective stent design are firstly high radial resistance against compressive forces, and secondly expandability within rated angioplasty pressures [6, 51] . In this section, the expandability of the fabricated RRR using an angioplasty balloon and recoil resistance characteristics of the device are experimentally evaluated. For these tests, the RRR is first manually crimped to have a mean outer diameter of 3 mm so that it can be easily inserted into a commercially available silicone-based mock artery (Dynatek Dalta Scientific Instruments, MO, USA). A mock artery with an inner diameter of 4 ± 0.2 mm and radial compliance of 6-8%, comparable to human arteries, is used for this experiment. Next, the ring is threaded by a deflated balloon (TAXUS Liberte MONORAIL, Boston Scientific, Boston, USA) with the nominal expanded balloon diameter of 4.5 mm.
Having this ensemble residing inside the mock artery, the balloon is gradually inflated by increasing the pressure inside while measuring the outer diameter of the RRR encompassed by the mock artery. The diameter measurements are implemented with a caliper (ABSOLUTE Digimatic, Mitutoyo, USA) taking the average of four measurements at each pressure stage up to 7 atm. Figure 14 shows the RRR at different conditions imaged during this test. Average values of the RRR and the mock artery diameter obtained from measurements just before (5 mm) and after the deflation (4.93 mm) of the balloon indicate around 3% recoil in the CSA, significantly lower than those of commercial stents reported exhibiting 16% to 30% in CSA [7] or than the mean stent recoil of 13% in CSA reported in the literature [8] .
As measures of performance, radial stiffness and bending compliance of stents are of paramount importance [51] . As per the RRRs, bending compliance is highly dependent on the hosting stent structure. Over the past decade, a number of methods to evaluate the radial strength of stents have been reported [52, 53] . To assess the radial stiffness of the RRR, a sample with the mean outer diameter of 4.6 mm is tested using the set-up shown in figure 15 . The reaction forces of the sample caused by radial deformations are measured using a digital force gauge (DS2-2, Imada Inc., IL, USA) with 1 mN resolution held on a precision vertical linear stage. At the first step, the sample is compressed by the probe up to 500 μm with 10 μm displacement sub-steps while reading the reaction forces. In the next step, the relaxing forces are read while reversing the displacement of the probe. For comparison, a short sample of a 4.57-mm-dilated commercial BE stent made out of stainless steel 316L (TAXUS Liberte coronary stent, Boston Scientific, Boston, USA) with two columns cut out from the original stent body is also tested using the same setup and loading procedure. As both samples in this set-up are not encompassed by any vessel, it is referred to as free-holding test.
The reason for comparison between a single RRR and two loops of a commercial stent is to have a similar width of material withstanding forces (two columns of around 100 μm thick commercial stent versus a single loop of 200 μm thick RRR). This is to have a fair comparison between the two by minimizing the effect of difference in strut width while considering the other sources of difference between the two structures including material properties and design, shown in table 3. Thickness and width values are given according to the average of four measurements under microscope.
The measurement results are presented in figure 16 . As can be clearly observed in the results, the RRR demonstrates much higher radial stiffness overall, despite the fact that martensite Nitinol is much softer than stainless steel 316L. At 500 μm displacement, the reaction force from the RRR is ∼2.8 × greater than that of the commercial stent. Comparing highest slopes of the two trends during exertion of forces, it is also noticeable that the RRR exhibits early rigidity against compressional forces causing rapid increase of forces versus displacements compared with the commercial stent trend. Additionally, it is observable that the elastic recovery associated with the RRR is relatively in good accordance with that of the commercial stent. One fact worth noting regarding the results with the RRR is that there is a small gap between the two outmost interlocking teeth at the initial state before loading starts ( figure 15(b) ). This gap causes the fast development of strain observed in the beginning of the radial displacement up to ∼80 μm; upon the interlock of the two teeth, reaction forces start to grow rapidly as shown in figure 16 . This gap arises due to the test condition that the RRR was held free.
To evaluate the device under compression, a likely condition in actual in vivo setting due to any recoil of a hosting stent and/or blood vessel, another stiffness test, referred to as the in vitro test, is conducted for the RRR being deployed inside a mock artery (figures 17(a) and (b)). Using a balloon inflated at 7 atm pressure, the RRR is expanded to a diameter of 4.9 mm, slightly larger than the diameter of the mock artery (∼4.0 mm). Due to the recoil of the tube, the RRR rests in the state of the two teeth interlocked without any gap between them, unlike the case in the free-holding test.
This leads to the measurement results shown in figure 17 (c) where reaction forces start to grow rapidly from the beginning of loading, demonstrating the RRR's full ability to resist external forces and minimize recoil at the expanded state. This can be observed by a comparison between the reaction force of point A in figures 16 and 17(c) . Moreover, it can be seen from a comparison with figures 16 that higher forces are needed in the in vitro case to cause same displacements as in the free holding case. This is likely due to the presence of the additional layer of the artery around the device. Apart from that, upon unloading the RRR exhibits similar elastic recovery observed from the commercial stent 6 in the free-holding test. Considering the easier conformity, higher yielding point and comparable elastic recovery of the RRR (figures 16 and 17) , it clearly outperforms the commercial stent in these aspects despite utilizing the softer martensitic Nitinol compared to the stainless steel in the commercial stent. The above results verify the effectiveness of the developed RRR device as a potential add-on to the existing stents to improve their recoil resilience while minimally affecting longitudinal flexibility and deployment procedures.
Conclusions and future directions
In this work, design modeling and fabrication of a viable recoil resilient lumen support for stenting applications has been investigated. The proposed structure called recoil resilient ring (RRR) is fabricated by μEDM technology cutting planar shapes from Nitinol sheets of 200 μm thickness. The simple planar design and subsequent shaping and training methods used facilitate batch processing and mass production of the structures. To be compatible with today's standard stenting tools and procedures, first-order simple models of the RRR are modeled to demonstrate expandability using an angioplasty balloon while maintaining structural integrity. Under circumferential compressive pressures, the FEA results indicate that the RRR exhibits only 3.4% loss of cross-sectional area, 13 × less than that of a typical balloon expandable stent. After removal of the pressure the balloon expandable stent lost 34% of the cross-sectional area due to plastic deformations while the RRR recovered completely. The fabricated RRRs are then subjected to experimental in vitro expansion and stiffness tests. The free radial stiffness test measurements indicate 2.7 × higher radial rigidity of the RRR compared to that of a two-column stainless steel commercial stent. Considering the lower modulus of elasticity of Nitinol in martensitic form compared to stainless steel, and the comparable thickness and width of RRR and the commercial stent, the higher radial strength of RRR is delivered by the proposed interlocking mechanism.
The in vitro radial stiffness tests also show comparable elastic recovery of the RRR and the commercial stent. The proposed RRR is balloon expandable in vitro by 5-7 Atm pressure, well in the range of recommended in vivo pressures. The change in mean cross-sectional area after balloon deflation showed to be <3% for the RRR compared to the reported mean value of 13-30% associated with commercial stents.
Considering these specifications and the merit of RRRs, a series can potentially be welded by a single point inside a stent mesh, providing further scaffolding to specific areas and to the stent as a whole, while not sacrificing expandability or longitudinal flexibility. Considering these benefits compared to the added local thickness inside a stent due to the RRRs profile, the proposed structures bring a good trade-off between flexibility, deliverability and resilience.
Furthermore, use of shape memory alloy in the martensitic temperature range opens a path to other actuation and expansion methods such as application of heat or electric current as an extension of this work. Investigation of the long-term effects of the RRR on the surrounding tissue under pulsating contractions of the lumen (such as arteries), fatigue analysis of the structure as well as detailed study of the hemodynamic of the deployment area are the next important steps to be tackled by future studies.
